Hydrogels, due to their unique biocompatibility, flexible methods of synthesis, range of constituents, and desirable physical characteristics, have been the material of choice for many applications in regenerative medicine. They can serve as scaffolds that provide structural integrity to tissue constructs, control drug and protein delivery to tissues and cultures, and serve as adhesives or barriers between tissue and material surfaces. In this work, the properties of hydrogels that are important for tissue engineering applications and the inherent material design constraints and challenges are discussed. Recent research involving several different hydrogels polymerized from a variety of synthetic and natural monomers using typical and novel synthetic methods are highlighted. Finally, special attention is given to the microfabrication techniques that are currently resulting in important advances in the field.
Introduction
Since the seminal tissue engineering work by Vacanti et al. [1] in the late 1980s, many important advancements have brought this field ever closer to achieving its potential as a life-saving and life-improving option for countless patients, where truly suitable medical treatments do not yet exist. The means by which tissue engineering or regenerative medicine is beginning to reach its potential are through the delivery of cell and tissue constructs to the body and the direction and therapeutic assistance of innate healing responses. Ultimately, replacement or repaired tissues should be indistinguishable from normal, healthy tissues in structure and function.
The need for success in this field is tragically abundant. It is reported that while about 77 people receive transplants in the US each day, nearly 20 die because of shortages. [2] Currently, there are over 98 000 patients waiting on lists, with an average time to transplant of more than three years. [2] The situation is understandably worse in parts of the undeveloped world where the availability of surgical services is often lacking, the infrastructure for rapidly linking patients to compatible donors may be nonexistent, and the necessary follow-up care and access to required lifelong therapeutics are wholly unrealistic.
Regenerative medicine holds promise not only as a means to compensate for donor shortages, but also as a means to improve the standard of care. In many cases, transplants or medical prosthetics are currently available, but they only offer a partial solution in comparison to the healthy, undamaged physiological state. Therefore it is important for researchers in regenerative medicine to stay mindful of current medical options and continually attempt to improve upon them. In this regard, the physical building blocks utilized in tissue engineering must be as inherently safe and as similar to nature as is achievable.
In terms of material requirements in regenerative medicine, such as those needed for tissue scaffolds or as therapeutic delivery systems, hydrogels have long received attention because of their innate structural and compositional similarities to the extracellular matrix and their extensive framework for cellular proliferation and survival. Many hydrogel types with vastly different chemical and physical properties have been developed over the last several decades from a wide variety of chemical building blocks and using an array of synthetic techniques. This expanse of hydrogel knowledge allows for scaffold properties, such as cellular attachment, molecular response, structural integrity, biodegradability, biocompatibility, and solute transport to be carefully engineered to meet the proliferative demands of the construct.
Equilibrium Swelling Theory and Network Characteristics
With neutral gels, Flory-Rehner theory [11] is useful for analysis. This theory describes swelling by stating that crosslinked polymers will reach equilibrium in a fluidic environment by the thermodynamic force to reduce entropy via mixing as opposed to by the elastic or retractile force of the polymer chains themselves to contract. Analytically, this is shown with Gibbs free energy as indicated in Equation 1 below. (1) With ionic gels, the situation is further complicated by the addition of a term to account for the total free energy contribution due to the ionic properties of the network. This modification is shown in Equation 2. (2) In these equations, the mixing term, ΔG mixing , is a quantitative description of the compatibility between the polymer and solvent, water in the case of hydrogels, and is often expressed as the polymer-solvent interaction parameter, χ 1 . Differentiation with respect to the moles of solvent molecules at constant temperature and pressure results in expressions of Equation 1 and 2 in terms of chemical potentials (not shown). At equilibrium conditions, the net chemical potential between the solvent within the gel and the surrounding solution is zero. This zero net chemical potential equates the elastic and mixing potentials. Flory-Rehner theory leads to an expression for molecular weight between crosslinks, M ̅ C , if the hydrogel is prepared in the absence of a solvent. This expression is shown in Equation 3. [12] modified this theory, as shown in Equation 4 , for hydrogels prepared in the presence of a solvent by considering changes in the elastic potential due to the solvent.
Peppas and Merrill
(3) (4) Here, M ̅ N is the average molecular weight of the polymer chains prepared in the absence of a crosslinker. This implies that M ̅ N should be the value of the original homo-or copolymer average molecular weight when that polymer is crosslinked with an added crosslinking agent. Also, V 1 is the molar volume of the water and υ is the specific volume of the water. The terms υ 2,r and υ 2,s denote the polymer volume fraction in the "relaxed" and fully swollen states, respectively. These are denoted by the subscripts r and s shown in these terms. The relaxed state refers to state of the polymer immediately after crosslinking, but before any additional swelling occurs. It should be noted that if the gel is prepared in the absence of a solvent, the polymer volume fraction in the relaxed state becomes one (υ 2,r =1), which causes Equation 4 to simplify to Equation 3 . The swollen state fraction, υ 2,s , in both equations refers to the polymer volume fraction when the hydrogel is fully swollen in the presence of pure water.
For ionic gels, Brannon-Peppas and Peppas [9] derived a more complex equation that results in two separate, but equivalent expressions for anionic and cationic gels, as shown in Equations 5 and 6, respectively. [9] Utilization of these equations for average molecular weight between crosslinks additionally requires ionic strength, I, and dissociation constants, K a and K b . (5) (6) For solute transport, an important measure for determining the maximum size of solutes that can diffuse in a gel is porosity, which can be described by the mesh size, ξ (i.e., correlation length), and quantifies the average linear distance between crosslinks. If the root-meansquare end-to-end distance of the polymer chains between crosslinks (free of long-range interactions), which is called the unperturbed distance , is known, then Equation 7 can be utilized to determine mesh size. [13] From Equation 7 , the unperturbed distance is the ratio of mesh size to the extension ratio. The extension ratio, α, can be determined from the swollen polymer volume fraction, υ 2,s , as shown in Equation 8. (7) ( 8) To predict mesh size without the unperturbed distance, Equation 9 may be used if the following parameters can be determined: bond length of the polymer backbone, l, which is often 1.54 Å; the characteristic ratio, C N , (ratio of the square of the unperturbed distance to the square of the random flight end-to-end distance), which is available for many polymers; the average molecular weight between crosslinks, M ̅ C ; the swollen polymer volume fraction, υ 2,s ; and M r , or the molecular weight of the repeat units. [14, 15] ( 9) In hydrogel applications in regenerative medicine, the mesh size may require determination under realistic conditions, such as in solution containing salts, ions, nutrients, etc. Therefore, it must be noted here that when we determine the mesh size in real systems, the swollen polymer volume fraction, υ 2,s , as used in Equation 8 must be determined in the physiological solution in which the gel is swollen, not pure water.
Rubber Elasticity
Hydrogels under mechanical stress can exhibit a range of responses from rapid, elastic recovery following an applied stress or strain to a time-dependent recovery approaching viscous behavior. At temperatures below the T g , a transition away from the rubbery state would tend to drive the behavior of the gel toward viscoelasticity due to a slow rearrangement of polymer segments under deformation. In this regime, mechanical considerations such as creep, stress relaxation, and dynamic loading may become important. [16] However since hydrogel scaffolds for tissue engineering are typically waterswollen to maintain proliferating cells, the aqueous penetrant tends to plasticize the gel and induce a reduction in the polymer's glass transition temperature. This would typically decrease T g to well below the environmental temperature of 37 °C as required for human cell cultures and thus subsequently establishes a transition from the glassy state to the rubbery, elastic regime. [12] modified the original theories for polymer elasticity developed by Flory, [17] again to account for hydrogels prepared in the presence of a solvent. Shown in Equation 10 , τ is the applied stress as a function of elongation, where ρ is the polymer density, R is the universal gas constant, and T is absolute temperature. This offers an alternative means to determine the average molecular weight between crosslinks, M ̅ C , by measurement of the applied stress, τ, using a test specimen. As with mesh size calculations, the swollen polymer volume fraction refers to the solution in which the gel is swollen. (10) Since both equilibrium swelling theory and rubber elasticity theory rely on experimentally determined gel properties to determine average molecular weight between crosslinks, these models are useful for noncovalently crosslinked hydrogels as well. Hydrogels used in regenerative medicine may be formed by physical entanglements, microcrystallites, or hydrogen-bonded structures. In a general way, these theories may be extended to systems of this type by treating the junctions or tie points that cause gel formation as physical crosslinks with equivalent behavior as the covalent crosslinks intended with the above theories. Typically, the same equations are used, but the M ̅ C term is replaced by the terms M ̅ J or M ̅ e to indicate the gel is not covalently crosslinked. Here, M ̅ J is the number average molecular weight between junctions, and M ̅ e is the number average molecular weight between entanglements. Figure 2 illustrates the structural similarities between physical and chemical crosslinks in gel networks. It must be noted however that gels containing extensive crystallites represent a significant deviation from the rubber elasticity assumptions used to derive the theories.
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Solute Transport
Effective solute transport is one of the most critical design parameters for hydrogels in regenerative medicine. Mass transport parameters determine how nutrients, gasses, waste products, and bioactive agents, such as growth factors to stimulate natural tissue growth, [18] are exchanged within scaffolds or are delivered by the gel. Except in hydrogels with very large micropores or forced flow conditions, convection usually does not play a significant role in the movement of solutes through hydrogel matrices. Diffusion alone is regarded as the driving transport phenomenon. Analysis of drug and protein diffusion by Ende et al. [19] in ionic gels revealed that mesh size and environmental conditions, including pH and temperature, are all critically important in solute diffusion. They further concluded that hydrogels might be tailor-made for the release of a specific drug, protein, or peptide. Other studies showing the effect of pH on drug transport from ionized hydrogels done by Brannon-Peppas and Peppas [20] showed that pH-dependent hydrogels could be prepared to exhibit zero-order or near zero-order release, an important benchmark for many drug delivery systems.
With biological systems, where both the polymer and the solute are frequently ionized, the interactions between the polymer and solute themselves become an important factor in determining transport behavior. Collins and Ramirez [21] studied this relationship directly and showed that polymer-solute interactions tend to decrease transport of solute molecules. Further work by Gudeman and Peppas [22] examined these interactions in well-characterized IPNs of PVA and PAA by varying the ionic content in the membrane (by varying the amount of PAA) and then testing transport at pH values above and below the pKa of the ionic component. This work further confirmed the effect of polymer-solute interactions and demonstrated that permeation is controlled by size exclusion.
Because virtually all solute transport models involving hydrogels are based primarily on diffusion, computational analysis utilizes Fick's law as shown in the general vector form below. [23, 24] In Equation 11, c i is the concentration of the species i and D ig is the concentration-dependant diffusion coefficient of species i in the gel. (11) Since water-swollen hydrogels would typically be in the rubbery regime due to a reduction in glass transition temperature, Fickian diffusion is applicable for most applications in tissue engineering provided that gel is principally amorphous. This analysis is insufficient if the gel is significantly heterogeneous with regard to structural discontinuities (such as localized crystallization or phase separations), nonswollen glassy regions, interpenetrating structures, or composite formations (such as fibrous inclusions).
Some of the earliest work in solute transport through hydrogels that compared experimental observation to theoretical prediction was done by Renkin, [25] who studied solute diffusion through porous cellulose membranes based on Fick's law for a diffusion rate in one dimension, as shown in Equation 12. (12) Here is the solute diffusion rate for a given species i, D is the diffusion coefficient, A is the apparent diffusion area, and is the concentration gradient across the membrane. In Renkin's diffusion experiments, the rate of diffusion for a variety of solutes was measured through inert porous membranes. His experimental results were found to be in close agreement with the theory proposed earlier by Pappenheimer. [26] This was one the first demonstrations of solute diffusion as a function of pore and solute size.
Early theoretical models that have been applied in the design of modern tissue engineering scaffolds were based on transport in microporous systems (with pore radii of r≤1 µm). Anderson and Quinn [27] studied the hydrodynamic equations governing transport to account for Brownian motion and steric restrictions. They showed that a one-dimensional diffusionconvection analysis could be used for such systems, and they developed a series of equations to account for the effect of the pore wall itself on the solute-solvent drag.
Peppas and Reinhart [28] developed a model based on free volume theory for a threecomponent system of water, solute, and polymer. This model predicted the dependence of the solute diffusion coefficient on solute size, mesh size, degree of swelling, and other structural characteristics of the hydrogels. (13) Here, D SM and D SW are the diffusion coefficients of the solutes in the membrane and water respectively, and this ratio is referred to as the normalized diffusion coefficient. The other terms in this equation not previously defined are k 1 and k 2 , which are structural parameters of the polymer-water complex;
, which is the average critical molecular weight between crosslinks at which diffusion is precluded; r s , which is the Stokes hydrodynamic radius of the solute; and Q m , which is the degree of swelling of the membrane. This theory was developed for diffusion in highly swollen membranes. Well-characterized, amorphous PVA membranes [29] later validated this theory with experimental data.
Prausnitz and collaborators [30] used Monte Carlo simulations to develop a modified size exclusion theory based on the statistical distribution of chains in the network. This theory, however, does not consider ionic interactions or the effects of side groups on the structure, but instead focuses on chains in a large region of free space. The intention of their theory was to provide a general understanding of partially ionized polyelectrolytes so that other theories could be built upon it. mentioned and to the following works: Reinhart and Peppas [29] for studies on the structure, characteristics, and solute diffusion behavior with PVA; Ende et al. [31] for work on the characteristics of PAA showing pH-dependent solute diffusion; and Gudeman [32] who showed solute diffusion through PVA/PAA membranes as a function of ionic strength and pH of the swelling agent. Reviews by Amsden, [33] Muhr and Blanshard, [34] and Meadows and Peppas [35] have compared and characterized many of the models developed for diffusion coefficients by gel type and the underlying modeling techniques utilized.
Applications of Hydrogels in Tissue Engineering
There are several applications in regenerative medicine where hydrogels have found utility. Langer and Vacanti [36] were among the first to elucidate the basic techniques used in tissue engineering to repair damaged tissues, as well as the ways polymer gels are utilized in these techniques. To date, hydrogels in regenerative medicine have been used as scaffolds to provide structural integrity and bulk for cellular organization and morphogenic guidance, to serve as tissue barriers and bioadhesives, to act as drug depots, to deliver bioactive agents that encourage the natural reparative process, and to encapsulate and deliver cells.
Hydrogels as Scaffold Materials
As previously mentioned, hydrogels are an attractive scaffolding material because their mechanical properties can be tailored to mimic those of natural tissues. As scaffolds, hydrogels are used to provide bulk and mechanical constitution to a tissue construct, whether cells are adhered to or suspended within the 3D gel framework. When cellular adhesion directly to the gel is favored over suspension within the scaffold, incorporation of various peptide domains into the hydrogel structure can dramatically increase the tendency for cellular attachment. A particularly successful strategy to mediate cellular attachment is the inclusion of the RGD adhesion peptide sequence (arginine-glycine-aspartic acid). Cells that have been shown to favorably bind to RGD include fibroblasts, endothelial cells (ECs), smooth muscle cells (SMCs), osteoblasts, and chondrocytes. RGD in hydrogels, which can be incorporated on the surface or throughout the bulk of the gel, has shown enhanced cellular migration, proliferation, growth, and organization in tissue regeneration applications. [37, 38] The fundamental obligation of a tissue scaffold is to maintain cellular proliferation and desired cellular distribution throughout the expected service life of the construct. In many cases, the life of the scaffold would be until degradation is complete. Therefore a critical design consideration for hydrogels in regenerative medicine is the transition in functional dependence between the scaffold and the emergent tissue during scaffold biodegradation and the healing process. Further, the importance of scaffold degradation in tissue cultures has been demonstrated by examining cellular viability in nondegradable scaffolds. For example, poly(ethylene glycol)-dimethacrylate (PEGDMA) and PEG have been photopolymerized to form hydrogel networks with encapsulated bovine and ovine chondrocytes for cartilage regeneration. [39, 40] After photopolymerization, cells within the scaffold remained viable and evenly dispersed, but due to the nondegradable nature of these scaffolds, cell counts tended to decrease significantly over time.
Biodegradable poly(propylene fumarate-co-ethylene glycol) (P(PF-co-EG)) has been photopolymerized with implanted endothelial cells to form hydrogel scaffolds for vascular cell growth. [41] In these studies, it was shown that the cells were distributed throughout the hydrogel and were actively proliferating. Mann et al. [42] utilized PEG-diacrylate derivatives with grafted RGD-peptides to fabricate photopolymerized hydrogels as scaffolds for vascular smooth muscle cells. These cells remained viable in scaffolds, proliferated, and produced matrix proteins. Cells were shown to spread and migrate in proteolytically degradable scaffolds, but they were spherical and grouped in clusters in nondegradable hydrogels. It was shown that in proteolytically degradable hydrogels, cells had an increased rate of proliferation and extracellular matrix production over cells in nondegradable PEGdiacrylate scaffolds. Although much success has been achieved with the use of hydrogel scaffolds for tissue regeneration and replacement, these gels should generally be biodegradable to maximize the ability of scaffolds to foster proliferating replacement tissues. [43] 
Hydrogels as Barriers
To improve the healing response following tissue injury, hydrogels have been used as barriers in order to prevent restenosis or thrombosis due to post-operative adhesion formation. [44] [45] [46] [47] It has been shown that forming a thin hydrogel layer intravascularly via interfacial photopolymerization will prevent restenosis by reducing intimal thickening and thrombosis. [44, 45] The thin hydrogel layer is able to reduce intimal thickening because it provides a barrier to prevent platelets, coagulation factors, and plasma proteins from contacting the vascular wall. The contact of these factors to vessel walls stimulates smooth muscle cell proliferation, migration, and matrix synthesis events that lead to restenosis. Hydrogel barriers have additionally been used to prevent post-operative adhesion formation. In one example, poly(ethylene glycol-co-lactic acid) diacrylate hydrogels were formed by bulk photopolymerization on intraperitoneal surfaces. These hydrogel barriers functioned to prevent fibrin deposition and fibroblast attachment at the tissue surface. [46, 47] In addition, biodegradable poly(ethylene glycol-co-lactic acid) diacrylate macromers were coated onto tissue surfaces to form barriers, which functioned to resist protein adsorption and diffusion as well as minimize cell adhesion.
Hydrogels with Drug Delivery Capabilities
Hydrogels are often used as localized drug depots because they are hydrophilic, biocompatible, and their drug release rates can be controlled [48] [49] [50] and triggered intelligently by interactions with biomolecular stimuli. [51] [52] [53] Macromolecular drugs, such as proteins or oligonucleotides that are hydrophilic, are inherently compatible with hydrogels. By controlling the degree of swelling, crosslinking density, and degradation rate, delivery kinetics can be engineered according to the desired drug release schedule. Furthermore, photopolymerized hydrogels are especially attractive for localized drug delivery because they can adhere and conform to targeted tissue when formed in situ. Drug delivery aspects in hydrogels may be used to function simultaneously with the barrier role of hydrogels to deliver therapeutic agents locally while preventing post-operative adhesion formation.
Biodegradable photopolymerized hydrogels have been formed on intraperitoneal tissues to locally release tissue plasminogen activator, urokinase plasminogen activator, and ancrod. [43, 46] These systems show significant reductions in adhesion formation compared to using intraperitoneal injections or hydrogel barriers alone.
Additionally, hydrogels formed on the inner surface of blood vessels via interfacial photopolymerization have been utilized for intravascular drug delivery. [43] These gels can be formed in bilayers, where the innermost (luminal) layer is less permeable than the outer (intimal) layer near the vessel wall. A lower molecular weight polymer precursor is used to form the luminal layer, making it less permeable. The function of this bilayer hydrogel structure is to enhance the delivery of released proteins into the arterial media. Layered matrix devices are also useful in releasing drugs with non-uniform concentration profiles, where varying the thickness and solute diffusion coefficient of each layer allows for nonuniformity of therapeutic release. [50] In addition, different drug concentrations can be entrapped into each layer during synthesis of a multilaminated matrix device to achieve optimal release behavior. Recent work by Ladet et al. [54] showed that layered, multimembrane hydrogels could be produced from alginate and chitosan using start-stop, interrupted gelation techniques. These so-called 'onion' structures ( Fig. 3 ) that were formed may hold promise in tissue engineering because various layers for different drug concentrations, cellular encapsulation, bioadhesives, and barriers could be incorporated sequentially.
Hydrogels for Cell Encapsulation
Cell transplantation can be achieved with hydrogels because they can provide immunoisolation while still allowing oxygen, nutrients, and metabolic products to diffuse easily into the hydrogel. For the development of a bio-artificial endocrine pancreas, photopolymerized PEG diacrylate (PEGDA) hydrogels have been fabricated to transplant islets of Langerhans. [55] In these studies, islet cells were suspended in a photopolymerizable PEGDA prepolymer solution, and the solution was used to formulate PEG-based microspheres that entrapped the islets. The first formulation of these microspheres provided sufficient immunoisolation, however the diffusion of nutrients to the entrapped cells was limited. The next formulation included a reduction in thickness of the interfacially photopolymerized hydrogels in order to increase the diffusion of nutrients to the encapsulated islets. By reducing thickness, encapsulated islets remained viable for prolonged periods and the hydrogel retained its immunoisolation function. [55] 
Design Considerations
The extracellular matrix (ECM), the collective interstitial space and basement membrane, provides the mechanical framework for natural tissues. This is one of the most important guides for scaffold designs and accordingly has been the ideal model for many material pursuits in tissue engineering. The ECM itself is a hydrophilic microscale 3D matrix with two main solid structures: collagen fibers and proteoglycan filaments. The collagen fibers are formed as bundles and extend through interstitium, providing durability and tensile strength for the surrounding tissue. Proteoglycan filaments are coiled structures made from protein and hyaluronic acid (HA). Together with the entrapped interstitial fluid, which resembles plasma, but at a lower protein concentration, ECM exhibits a gel-like consistency. [56] While mimicking the natural cellular environment is an essential advantage in many regards, it is also important to consider the inherent differences between normal tissue growth and replacement tissues resulting from medical intervention. These may include the absence of many co-proliferating neighboring cellular structures during construct cultivation, the implantation process, and the compensatory physical demands of the scaffold once in place. Further considerations must be made if the scaffold is designed for intentional biodegradation so that cellular ingrowth gradually assumes a complete functional role.
As a minimum with regard to ECM similarity, tissue engineering scaffolds should provide a 3D environment for cell growth. This architecture better mimics natural tissue and allows for gene expression and morphology that cannot be achieved in 2D. It must also be kept in mind that the primary purpose of a tissue scaffold is to promote tissue regeneration, with or without the presence of cells adhered in the scaffold. While the hydrogel must possess unique physical properties suited to the type of tissue it is applied in, all hydrogels must first satisfy the basic requirement of biocompatibility for any function to be realized in clinical use. Beyond this, they must also provide the appropriate macroenvironment and microenvironment for tissue ingrowth and cellular proliferation. Meeting these goals requires both physicochemical and biological cues applied with spatiotemporal control.
Biocompatibility
There are many definitions for biocompatibility that attempt to illustrate the notion of a harmonious existence between self and nonself. An important design consideration for engineered tissue constructs is that no or limited deleterious immunological, toxic, or foreign body responses should occur as a result of regenerative medical intervention. Williams [57] defines biocompatibility as "the ability of a material to perform with an appropriate host response in a specific application." This definition is particularly relevant in tissue engineering since the nature of tissue constructs is to continuously interact with the body through the healing and cellular regeneration process as well as during scaffold degradation. If this requirement is not met, the hydrogel can be fouled or there may be damage and scarring to connected tissues, whether those tissues are immediately adjacent or linked by vasculature.
Toxic chemicals that may be used in the polymerization of synthetic hydrogels present a challenge for in vivo biocompatibility if conversion is not 100%. Furthermore, initiators, organic solvents, stabilizers, emulsifiers, unreacted monomers, crosslinkers, and the like used in hydrogel polymerizations or during processing may be toxic to host cells if they seep out to tissues or encapsulated cells. For example, Irgacure 2959, a typical photoinitiator used in many free radical photopolymerizations, has been shown to decrease cell viability when used in concentrations upwards of 0.1%. [58] To remove hazardous chemicals from preformed gels, synthesis should be typically followed by various purification processes, such as solvent washing or dialysis. In situ gelation of scaffolds, usually with oligomers and prepolymers, presents a special challenge since reactants used to synthesize the gel are injected into the body while still in a prepolymer solution. Utilizing this technique, ideal for its minimal invasiveness, requires special caution to ensure all components are safe and reasonably nontoxic.
While naturally derived polymers are frequently regarded as having superior biocompatibility over synthetic polymers, it must be noted that the presence of synthetic crosslinkers and initiators used in the polymerizations of naturally derived monomers and prepolymers are subject to the same toxicity concerns as purely synthetic gels.
Vascularization
With the exception of a small minority of tissue types (e.g., cartilage), most tissue is vascularized. This provides a conduit for nutrient exchange and the elimination of waste products by perfusion. Neovascularization, the formation of new blood vessels in adult tissue, is therefore an important consideration for most tissue engineering initiatives. Providing the right scaffold for new blood vessels to grow is a significant challenge. The scaffold must provide appropriate porosity, pore size(s), and allowances for vascular remodeling to occur as tissues mature. As scaffold designs further evolve and tissue constructs increase in complexity, scaffolds may similarly need to accommodate for lymphangiogenesis and neurogenesis as well.
In certain tissue engineering applications, hydrogels have been very successful as vascularizable scaffolds. For example, Stevens et al. [59] showed that alginate-based hydrogel scaffolds could be used in vivo to recreate vascularized bone. This scaffold required no additional growth factors or ECM molecules. Thus far, this approach has been limited to bone tissue regeneration.
There are three general strategies to enhance the vascularization of tissue engineering scaffolds. [60] The first is to incorporate regulatory factors that motivate the growth of vasculature from surrounding tissues or recruit endothelial progenitor cells (EPCs). The second is seeding the scaffold with ECs or EPCs. The third strategy is prevascularization in vivo. Alginate-, [61, 62] gelatin-, [63] HA-, [64, 65] PHEMA-, [66] and PEG-based [67] hydrogels loaded with vasculogenic growth factors have been shown to successfully induce microvessel growth following implantation. In order to spatially control the growth of new vasculature, Golden and Tien [68] designed EC-seeded microfluidic channels in collagen and fibrin hydrogel scaffolds. To date, most of the progress in EC-seeding has been limited to in vitro studies. Relying on EPCs and the native vasculature to invade implanted scaffolds is a process dependent upon the presence of significant quantities of circulating progenitor cells and can take days to occur. In general, cells cannot survive more than a few hundred micrometers from a blood vessel. If other cell types are encapsulated within the scaffold, they may become necrotic while waiting for vascular ingrowth.
Embryonic stem cells (ESCs) are a potentially limitless source of cells for in vitro prevascularization. But this requires that their differentiation (and lack thereof) be controlled. Langer and collaborators designed dextran-based hydrogels incorporated with growth factors that could enhance, but not control the vascular differentiation of human ESCs (hESCs). [69] Later they discovered that hyaluronic acid hydrogels could maintain hESCs in their undifferentiated state until vascular differentiation was desired. [70] This may Slaughter et al.
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Degradation
The human body is in a constant state of turnover. The homeostasis of bone tissue, for example, is maintained by the destructive and regenerative actions of both osteoclasts and osteoblasts, respectively. Wound healing is known to involve the controlled breakdown and synthesis of ECM. A loss of either of these processes is associated with pathology. [73] A more biomimetic approach to hydrogel scaffolds may be one that can undergo the same kind of controlled breakdown as most living tissue. An entirely degradable scaffold can be progressively relieved of function and replaced by new tissue as degradation progresses. Complete degradation would alleviate many concerns about long-term implant stability and integrity. When designing biodegradable hydrogels, the rate of degradation and breakdown of products must be considered. Certain tissue engineering applications may not require complete scaffold degradation, such as with articular cartilage or corneal replacement. For these applications, a well-integrated, but permanent or semipermanent scaffold may be the best choice to replace the basic function of lost or damaged tissue.
Degradable hydrogels can be made by incorporating cleavable groups into the polymer backbone or crosslinks. These groups can be cleaved nonselectively via processes such as hydrolysis. Biodegradation is achieved when the network structure can be broken down through biological processes, such as enzymatic digestion. [74] Bryant and Anseth [75] incorporated hydrolytically cleavable groups into PEG networks and found a correlation between the degradation profile and the production and distribution of collagen from encapsulated chondrocytes. Additionally, hydrogels can be made with incorporated ECM components, such as collagen and HA, which are naturally biodegradable and lead to mimicking of the natural tissue growth environment during cellular proliferation.
When these materials come from natural sources, using them may carry the risk of batch-tobatch variation, and control over their physicochemical properties is limited. Hubbell and collaborators [76] [77] [78] [79] developed an innovative approach to making biodegradable hydrogels using ECM fragments. They synthesized PEG hydrogels with ligands for cell attachment and peptide fragments that function as ECM metalloproteinase (MMP) substrates. The native ECM acts not only as a substrate for cell growth and attachment, but also as reservoir for regulatory factors. Mimicking this function, it was possible [67, 80] to incorporate growth factors into the networks that could be released in a 'cell-demanded' fashion. The allure of this technique is that it allowed for proliferating cells to remodel the scaffold as needed both spatially and temporally. In this way, the macroscopic properties of the hydrogel were tuned to provide control over the microenvironment of the actual cells.
Macroenvironment
Many synthetic hydrogels provide a blank slate for the design of tissue engineering scaffolds and thus can be used as a platform for biological cues. Hydrogels possess mechanical and physicochemical properties that can be tuned to control cell growth and proliferation in the same way that biochemical and physical cues are commonly used. Understanding how these properties are controlled and how they change in various tissue engineering applications is crucial for success.
The mechanical properties of hydrogels as tissue engineering scaffolds can have a profound effect on attached or encapsulated cells. It is well known the ECM maintains a level of isometric tension between cells in a given tissue. This level of stabilizing pre-stress differs by tissue type and can be altered in disease processes. The response of individual cells to changes in these stresses can vary from morphological changes to changes in gene expression. [81] Because of this, hydrogel scaffolds may need to be designed with tissue specific mechanical properties. Engler and co-workers [82] showed that the stiffness of polyacrylamide gels was more important for smooth muscle cell spreading than the concentration of cell adhesion ligands. They also showed that gel stiffness can be used to control the differentiation of mesenchymal stem cells. [83] A principle of polymer mechanics is that crosslinking density can be used to control the properties of polymer networks, such as mechanical compliance, swelling, and mesh size. Crosslinking density can also be used to affect cells encapsulated within hydrogels. For example, Bryant et al. [84, 85] showed that changes in PEG hydrogel crosslinking density caused changes in cell growth and morphology. They also found that the amount and composition of ECM secreted by encapsulated cells depended on other gel properties such as mesh size and hydrophilicity. [86, 87] Tuning porosity has shown to be significantly successful in the assimilation of scaffolds with host tissues. Early work on porous scaffolds showed that implants with interconnected pores between 0.8-8 µm lack a fibrous capsule and had dramatically more neovascularization than implants with smaller or larger holes. [88, 89] This pore size allowed for the infiltration of host cells and has been linked to the long-term success of synthetic hydrogels for cornea replacement. [90] 
Microenvironment
Cellular growth and proliferation is driven by both intrinsic and extrinsic cues. Extrinsic cues can be provided by the ECM, cell-cell adhesion, and soluble factors. Many of these signals function due to their spatiotemporal distribution. This is known as the cellular microenvironment. For example, the differentiation of hematopoietic stem cells (HSCs) is determined by their spatial location within bone marrow. A gradient pattern of differentiation is established by the proximity of individual HSCs to the bone surface, where they receive regulatory factors from bone cells that inhibit their differentiation. [91] Damage to tissue can cause a change in the microenvironment that may be exploited. For example, the injured central nervous system forms a local wound response known as a glial scar that inhibits axonal regeneration. [92] Blocking the inhibitory cues in this scar has led to greater recovery of function after spinal injury. [93] In earlier designs of tissue engineering constructs, there was a disregard for the individual cell environment in favor of bulk properties. This is changing as it becomes more apparent that both are important. A number of recent publications have addressed the importance of controlling the cellular microenvironment. [94] [95] [96] [97] There has also been a tendency to assume that the success or failure of a scaffold hinges on the fate of a single cell type, but most natural tissue is composed of multiple types. With the advent of novel micro-and nanoscale fabrication, it is now possible to create hydrogel scaffolds with a directed spatial distribution of cells [98, 99] and regulatory factors, [100] to exert more control over microenvironments.
Types of Hydrogels in Tissue Engineering
Synthetic hydrogels, such as those based on PHEMA, were some of the earliest biomaterials used as tissue engineering scaffolds and helped lay the foundation for current work. Understanding both past failures and current successes of these materials may help novice researchers avoid pitfalls in the design of newer, better hydrogels. While many gels based on natural macromers are increasing in popularity due to their inherent biocompatibility, synthetic gels have advantages that are important in regenerative medicine. These advantages include easier large-scale production and highly tunable and consistent properties. Control of these material properties helped to advance the understanding of cellular interactions with synthetic substrates and the body's response to foreign materials. While being mostly biocompatible, many synthetic gels are made using harsh synthetic chemistry. This requires care to ensure that contaminants and unreacted reagents present during synthesis are subsequently removed. Here, we overview prevalent synthesis methods and some examples of synthetic hydrogels that have been successfully used for tissue engineering to date. Table 1 summarizes many hydrogel applications in tissue engineering covered in this review. There are also several excellent reviews in the literature that summarize the many uses of synthetic hydrogels in broader biomedical applications. [15, [143] [144] [145] 
Synthesis
Conventional reaction schemes for synthetic hydrogels rely on the presence of a multifunctional crosslinking agent during polymer synthesis. Free radical polymerization is a widely used method where a polymer chain propagates through the consumption of vinyl monomers. Free radical polymerization is advantageous in many tissue engineering applications because of its convenience for in situ polymerization and its well-characterized gelation kinetics. [146] Preformed chains, or macromers, can be used to create hydrogels by introducing vinyl or other functional groups onto them. In this way synthetic chemistry can be used to create hydrogels from naturally derived macromers, such as HA and chitosan. Acrylate-based derivatives are common functional groups that can be polymerized with the help of thermal or photoinitiated free radical initiators (Fig. 4A ). The reaction occurs very quickly and uncontrollably. This can result in a wide distribution of molecular weights between crosslinks and other inhomogeneous properties throughout the hydrogel. Controlled radical polymerizations, such as atom transfer radical polymerization (ATRP), are an attractive way to gain more controlled properties, but as of yet have not shown much success in tissue engineering applications. The added control in these reactions typically comes at the cost of time efficiency and requires the use of toxic transition metals which must be removed.
An alternative synthesis method is Michael (conjugate) addition. [67, 139, 141, [147] [148] [149] [150] A typical conjugate addition reaction scheme involves mixing an acrylated macromer with a thiolated 
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Author Manuscript macromer (Fig. 4B) . The reaction is rapid and highly specific, and it does not require initiation. Conjugate addition reactions based on other β-unsaturated esters or amides combined with thiols can be used, but with much slower reaction kinetics. [124, 150] The conjugate addition polymerization of hydrogels in the presence of biological compounds and live cells does carry the risk of side reactions due to the presence of competing nucleophiles. Both radical polymerization and conjugate addition are useful in high throughput screening due to their fast kinetics. For example, Langer and co-workers used microarrays to simultaneously screen hundreds of photopolymerized diacrylate networks and conjugate adducts for tissue engineering and gene delivery applications. [151] [152] [153] [154] Click chemistry is another attractive method to crosslink macromers. Click chemistry provides mild (e.g., physiological) reaction conditions with high chemical selectivity, similar to many naturally occurring chemical reactions. The click reaction between terminal azides and acetylenes is highly specific, results in high yields, and occurs dependably in the presence of competing functional groups (Fig. 4C ). [155] Macromers that are combined using this chemistry, or 'clicked' together, can result in hydrogels with properties not possible using conventional methods. Malkoch and co-workers [156] compared PEGgels prepared by click chemistry with those prepared using radical polymerization and found striking differences in mechanical properties. The clicked gels could sustain up to ≈30× the amount of tensile stress as compared to conventional PEG gels. Crescenzi and co-workers [157] used the click reaction to prepare HA hydrogels that were biocompatible and served as drug delivery reservoirs. These results suggest that the range of properties for synthetic hydrogels is much wider than previously thought.
Poly(2-hydroxethyl methacrylate)
Poly(2-hydroxyethyl methacrylate) ( Fig. 1A) hydrogels have been used as implant materials for almost half a century. [158] PHEMA networks can be polymerized from 2-hydroxyethyl methacrylate using free radical precipitation polymerization. The resultant hydrogel is a relatively weak material that is biologically inert. It is also highly resistant to protein adsorption and, consequently, cell adhesion. Its commercially available monomer often comes contaminated with a small fraction of ethylene glycol dimethacrylate. This makes an uncrosslinked macromer nearly impossible to obtain without further purification.
One of the earliest uses of PHEMA was as an artificial cornea, or keratoprosthesis. Chirila and co-workers evaluated biphasic PHEMA keratophostheses with a homogeneous core and porous skirts for long-term cornea replacement. [90] The success of the prostheses depended on the porosity of the skirt region, with micrometer-size pores causing a unique host response devoid of fibrous encapsulation. In a Phase I clinical trial, the implants were retained for up to 2.5 years. [159] PHEMA implants have been shown to undergo delayed, episodic calcification in vivo. [127, 133] However, to what degree contaminants, such as methacrylic acid (MMA), enhance calcification has not been established. Methacrylic-acidand acrylic-acid-based hydrogels have a high affinity for calcium and other alkaline earth metals, making them more prone to calcification. [160] [161] [162] Recently, Bryant et al. [135] developed a biodegradable PHEMA scaffold with controlled porosity. Collagen was covalently bound to the pendant hydroxyl groups to enhance myoblast growth and proliferation. Biodegradable PHEMA scaffolds are an important development given that the primary obstacle to the success of PHEMA gels is the lack of a means for elimination.
Poly(vinyl alcohol)
Poly(vinyl alcohol) ( Fig. 1B) is prepared from the partial hydrolysis of poly(vinyl acetate). It can be crosslinked into a gel either physically or chemically (e.g., via treatment with monoaldehydes). In recent studies, PVA was photocured to produce hydrogels as an alternative to chemical crosslinking. The potential toxic environments, which are created from chemical crosslinking, are harmful to cells; thus researchers are attempting to stay away from this method. [163] PVA is similar to PHEMA in having available pendant alcohol groups that act as attachment sites for biological molecules. In addition to having multiple attachment sites, PVA is also elastic and thus can induce cell orientation or matrix synthesis by enhancing the transmission of mechanical stimuli to seeded cells. [163] PVA, like other neutral hydrogels, is nonadhesive to cells and proteins, but can be made so by conjugation with biological factors. Martens et al. [113] have successfully copolymerized PEG and PVA to produce a biodegradable hydrogel. In this study it was found that the degradation rate of PEG/PVA copolymer hydrogels was faster than the degradation rate of PEG hydrogels, but was much slower than the degradation rate of PVA homopolymer hydrogels.
One of the most successful tissue engineering applications for PVA has been for avascular tissue. PVA hydrogels are stronger than most other synthetic gels, have a low coefficient of friction, and have structural properties similar to natural cartilage. [164] Oka and collaborators [165, 166] investigated PVA hydrogels for articular cartilage replacements by examining physical aspects including lubrication, load bearing, biocompatibility, and attachment of the material to bone. They used high molecular weight PVA along with a novel annealing process to enhance the tensile strength of PVA hydrogels up to 17 MPa, mimicking that of normal human articular cartilage. This new material was found to have excellent biocompatibility and physical properties. They showed that PVA artificial knee menisci in rabbits lasted beyond two years with no loss in integrity or mechanical properties. [167] Currently a PVA hydrogel known as Salubria™ (Salumedic, Atlanta, GA) is marketed in Europe and Canada for articular cartilage replacement.
Poly(ethylene glycol)
Poly(ethylene glycol) (Fig. 1C ) is hydrophilic and biocompatible, with properties that limit immunogenicity, antigenicity, protein binding, and cell adhesion. [40, 168] Chains above ≈10 kDa are known as poly(ethylene oxide) due to the negligible concentration of end groups. PEG homopolymer is a polyether than can be polymerized from ethylene oxide by condensation. These chains possess terminal hydroxyl groups which are frequently derivatized to make PEG macromers for use in a wide variety of reaction schemes. In the 1970s PEG first became popular as a surface coating for biomaterials due to its intriguing ability to block serum protein adsorption. [169] This phenomenon is still not completely understood but some proposed explanations suggest the 'exclusion volume' of hydrated, highly mobile PEG chains as an important contributing factor. [170] The nonadsorptive properties of PEG may also be explained by the lack of protein binding sites on the polymer chain. One thing that sets PEG apart from PHEMA and PVA is the lack of hydrogen bond Slaughter et al.
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Author Manuscript donating groups, a feature that has been shown to be critical in reducing protein binding. [171] For a comprehensive review of the physical properties of PEO that contribute to its biocompatibility, the reader is referred to a review by Lee et al. [172] PEG hydrogels have been the most successful synthetic gels for tissue engineering applications to date. For example, photocurable hydrogels that are PEG-based are widely used to encapsulate cells into scaffolds because of their inert nature. PEG's stealth characteristics are widely known, and thus, these gels may be used in scaffolds with encapsulated cells to prevent undesired interactions between the polymer and the encapsulated cells. [75, 101, 102, 108, 117, 134] However, scaffolds with incorporated PEG chains can be modified with bioactive peptides to do the reverse, i.e., induce cellular behavior, such as adhesion to proteins. [39, 40, 118] Further, PEG can be used as a mediator in the immobilization of the RGD sequence. PEG with a molecular weight (MW) of 3500 Da has a special characteristic length of 35 Å, which is the effective distance found between RGD and a substrate and thus makes the sequence available to cells. [173] Terminal hydroxyl groups can be derivatized to create PEG macromers that can participate in chain or step polymerizations. PEG macromers have low toxicity, and therefore these hydrogels can be formed in situ to fill irregular defect sites. The use of highly reactive terminal acrylate groups allows gels to be reacted quickly with free thiol groups or photopolymerized with ultraviolet or visible light. Langer and co-workers showed that photopolymerization of PEG gels can even be done transdermally. [118] PEG macromers can also be coupled with peptides and growth factors and incorporated with biodegradable units. For example, Elisseeff and co-workers [109] [110] [111] [112] 119] designed growth-factor-loaded PEG diacrylate-based hydrogels with biodegradable crosslinks and covalently attached cell adhesive molecules. These gels were successful as stem cell delivery vehicles for cartilage growth in vivo. As with many other synthetic hydrogels, PEG scaffolds have been most successful in tissue engineering applications that do not require the scaffold to be vascularized, such as skin and cartilage.
Hyaluronic Acid and Natural Materials
Naturally derived hydrogels are widely thought to have an edge over synthetic biomaterials where biocompatibility is concerned since natural gels may offer better chemical and morphological cues to cells. Many of the components used in their synthesis comprise much of the in vivo structure and, hence, can also offer environmental advantages as ECM-mimics for cell-based devices. Langer and collaborators have used a number of naturally derived materials, including HA, alginate, collagen, chitosan, and others, thus spurring the growth of materials for tissue engineering over the last decade. The macromer repeat units utilized in these gels are shown in Figure 5 . Issues that should be addressed in materials research with natural gels include the predictability of degradation behavior, batch-to-batch variability, and recent concerns regarding possible denaturation during fabrication and processing, such as electrospinning for nanofibers. [174] Hyaluronic acid (Fig. 5A) , is a high molecular weight glycosaminoglycan present in all mammals with repeating disaccharide units composed of (β-1,4)-linked D-glucuronic acid and (β-1,3)-linked N-acetyl-D-glucosamine. HA in the body occurs in salt form as hyaluronate and is found in high concentrations in several soft connective tissues, including skin, umbilical cord, synovial fluid, and vitreous humor. In commercial production, HA is commonly extracted from rooster comb and human umbilical cord or is manufactured in large quantities by bacterial fermentation. [175] HA is degraded in the body by hyaluronidase (hyase) into smaller oligosaccharides, while D-glucuronidase and N-acetyl-hexosaminidase further degrade the oligosaccharide fragments by removing nonreducing terminal sugars. In addition to enzymatic degradation, HA can also be degraded by reactive oxygen intermediates, a mechanism that has been implicated as a source of HA fragments at sites of inflammation. [176] Unmodified HA is subject to rapid degradation which leads to it getting cleared from the site of administration. HA, therefore, offers innate degradation as an important advantage.
HA is particularly good for tissue engineering applications because of its high viscoelasticity and space filling properties. This rheological feature is directly exploited in the application of hyaluronan for ophthalmic surgery [126] and in the treatment of osteoarthritis. [177] Moreover, as a result of its ability to form hydrated, expanded matrices, HA has also been successfully used in cosmetic applications such as soft tissue augmentation. [129] Recent work suggests that even more opportunities lie in the exploitation of its biological characteristics, such as in wound healing applications. [130, 136] Recently, HA has been used by Langer and colleagues to make micromolds for cell encapsulation. [178, 179] Here, cells encapsulated by the micromold could later be recovered by enzymatic degradation.
To reduce the rapid in vivo enzymatic digestion of HA by hyase, it is necessary to introduce synthetic crosslinks. Crosslinking slows the release of drugs from the gel in therapeutic delivery applications due to changes in solute transport characteristics as previously described. This simple polysaccharide offers multiple sites for modification via its carboxyl and multiple hydroxyl groups. Different crosslinking strategies can be used to tailor it for a desired application. HA can be functionalized with a methacrylate group, [180] heterobifunctional crosslinkers such as 1-ethyl-3-(3-dimethylaminopropyl) carbodiimide hydrochloride (EDC), [181] or homobifunctional crosslinkers such as PEGDA. Dithiobis (propanoic dihydrazide) (DTPH), divinyl sulfone, glutaraldehyde α-β-poly-(N-2hydroxyethyl) (2-aminoethylcarbamate)-D, and L-aspartamide (PHEA-EDA, which is synthetic, biocompatible, water-soluble and has a proteinlike structure) have also been used. [182] HA gets damaged easily at temperatures exceeding 90 °C, and it cannot be effectively dehydrated, therefore preventing the use of dehydrothermal treatments. [121] Each glucuronic acid unit on HA contains a carboxyl group, giving rise to HA's polyanionic character at physiological pH. Its hydrophilic nature makes it well-suited for applications requiring minimal cellular adhesion, such as post-surgical adhesion barriers. It can, however, be modified with peptides to create a biomaterial that supports cell attachment, spreading and proliferation. Thiol-modified HA can be modified with the RGD sequence (Arg-Gly-Asp), which is known to be a cell recognition site for numerous adhesive proteins present in the ECM and in blood. [124] For example, Shu et al. [125] have incorporated RGD into hyaluronan hydrogels. They showed that while RGD promoted better attachment and proliferation at the surface, it was inefficient at recruiting cells for adhesion within the hydrogel. Additionally, Park and Hubbell [183] have incorporated RGD into a HA-based hydrogel through interpenetrating networks and found that the RGD did have significant influence on the recruitment and proliferation of fibroblasts. The extent of cell attachment can be influenced by varying the concentration and structure of the peptides and the length of the PEG spacer used.
HA composites, such as HA-DTPH, PEGDA, and peptide hydrogels have been used as injectable constructs for in vivo tissue formation. The gels crosslink in situ and may be seeded with cells prior to injection. Cell-loaded hydrogels have shown by immunohistochemistry that the encapsulated cells retain their phenotype and secrete ECM in vivo. [150] Other combinations of HA with natural gel-forming materials (e.g., chondroitin sulfate, gelatin, [125] alginate, carboxymethylcellulose, [106] and collagen) have also found utility in tissue engineering applications. [121, 184] 
Fibrin Hydrogels for Tissue Engineering
Fibrin is another naturally occurring material that has shown promise in recent years as a cell delivery vehicle [122, 185] and injectable scaffold. [104] The main advantage of fibrin gels is that fibrinogen can be obtained autologously from the plasma, thereby reducing the risks of a foreign body reaction. Furthermore, fibrin has been used in conjunction with other gels, such as HA-based gels, to deliver chondrocytes in a knee injury model. [107] Traditionally, fibrin has found utility in the medical field as glue composed of fibrinogen and thrombin solutions that form a clot when mixed together. The primary usage of fibrin glue is to control bleeding and adhere tissues during surgery. [186] It has also demonstrated improved results with skin grafts, particularly difficult skin grafts, and the delivery of exogenous growth factors to speed wound healing time. [138] 
Alginate in Hydrogels for Tissue Engineering
Alginate is a linear block copolymer of D-mannuronic acid (M) and L-guluronic acid (G) residues (Fig. 5D ) that has been widely used for cell encapsulation. [187] The relative amount of each depends on the source of alginate. The sequence in the blocks can be either similar or alternating (MMMM, GGGG, or GMGM). [187] Commercially available alginate is extracted from brown seaweed algae. Blocks of L-guluronic acid are stiffer than Dmannuronic or alternating blocks due to the diaxial linking between residues. The viscosity of an alginate solution and its overall stiffness once gelled depend on the concentration of the polymer and its molecular weight distribution. [188] The higher the M/G ratio, the smaller the average pore size of alginate gels is. [189, 190] Crosslinking between polymer chains depends on the amount of L-guluronic and multivalent cations (e.g., Ca 2+ , Ba 2+ ) which can interact with carboxylic acid groups in the sugars. [191] Gelling conditions, such as temperature, also affect the network structure. For example, Ca 2+ diffuses slowly leading to a more ordered crosslinked polymer at lower temperatures. [192, 193] As a less popular alternative to ionic crosslinking, many diamines and dihydrazides have been used to covalently crosslink alginate.
As a biomaterial, alginate is used because of its biocompatibility, non-immunogenicity, and hydrophilic nature. It is also convenient since it can be injected with an ionic solution to produce a hydrogel around a defect. [128] However, alginate cannot be enzymatically broken down and has poorly regulated degradation. Some concern has also been expressed over the immunogenicity of some forms of alginate, which are high in D-mannuronic acid content. [194] Furthermore, cells cannot adhere to alginate unless it is modified with cellular adhesion molecules (e.g., laminin, fibronectin, collagen, and RGD sequences, which allow more specific interactions). It has been shown that the phenotype of myoblasts encapsulated in alginate gels can be controlled by varying RGD concentration and M/G ratio. [195, 196] Adhesive interactions between cells and peptides coupled to alginate polymers have also shown to enhance the strength of the gels. [197] In order to promote the degradation of alginate gels, a variety of approaches can be used. Gamma irradiation breaks high molecular weight chains into shorter chains, thus allowing these polymers to be cleared faster in vivo. [198] Partial oxidation of alginate with sodium periodate makes the chains more susceptible to degradation through hydrolysis. [199] Gels can also be formed by crosslinking either with poly(guluronate) or partially oxidized alginate (poly(aldehyde guluronate)). [200] Alginate gels have also been used in drug delivery applications. To reduce the diffusion of hydrophilic drugs through alginate gels, drugs can be trapped in the polymer through ionic complexation. Alginate gels have also been used to encapsulate cells (e.g., osteoblasts and chondrocytes) for cartilage repair and solutions of chondrocytes and alginate have been injection-molded into anatomically shaped implants. [128] Stevens et al. have used alginate gels to culture explants of periosteum for cartilage tissue engineering. [114] Alginate has further been utilized in surgical dressings, [201] and even for suppressing the absorption of radioactive strontium in the body. [202] 
Collagen
Collagen fibers are strong and form through self-aggregation and crosslinking, making them popular in biomedical applications. A schematic showing the composition of collagen fibrils, starting from its amino acids sequences is shown in Figure 6 .
Collagen gels can be formed in situ and can be easily manipulated as a natural delivery device for cells and growth factors. While many applications use unmodified collagen, chemical crosslinkers can be used to inhibit in vivo absorption of collagen in applications which require slow degrading constructs, such as drug delivery. Collagen type I is found in fibrocartilage. Collagen type II constitutes the bulk of the collagen found in articular cartilage (along with small amounts of collagen type XI), where 50-80% of the dry mass is contributed by collagen fibrils. In the native environment, negatively charged proteoglycans are physically immobilized in this fibrillar network to aid in load-bearing. Interfibrillar connections help maintain the network structure against the swelling pressure of water and are likely due collagen type IX. [205] The tensile strength of individual collagen fibrils depends on the diameter of the fibril as well as the extent of crosslinking between collagen strands in the collagen triple helix. [206] Collagen has been used to make hydrogels for vocal cord regeneration, [142] spinal cord conduit repair, [140] and cartilage defects. [115, 116, 204] Cartilage has very little capacity for spontaneous healing because it is avascular. However, the transplantation of primary cells (e.g., chondrocytes extracted with collagenase II from joint cartilage) into scaffolds is an approach that has demonstrated clinical potential. Cells are suspended in collagen solutions, fibrillogenesis occurs at 37 °C forming gels, and then the cells are cultured in the hydrogels for 1-6 weeks. The efficacy of the resultant scaffold is gauged by the glycosaminglycan (GAG) content and number of cells.
In order to help stabilize chondrocyte phenotype and increase proteoglycan synthesis, researchers have tried composites of collagen with hyaluronic acid, and found that HA increases the amount of ECM deposited by chondrocytes. [116] However, in a study on collagen-alginate and collagen-hyaluronan composites for restoring appropriate shape and pliability to scarred vocal folds, collagen-alginate hydrogels not only supported more ECM synthesis, but also showed less mass loss, or prolonged augmentation, which is a desirable feature for vocal fold regeneration. [142] It is important for scaffolds to have open-pore geometry to encourage cell-ingrowth. In addition, different cell types show selectivity for different pore sizes. [207] For bone tissue engineering, pore sizes greater than 150µm promote new bone formation. [208] In this effort, collagen type I has been cast into sacrificial molds of wax (indirect solid free-form fabrication with polypropylene fumarate) [116] as well as molds fabricated with 3D phase change inkjet printers (indirect rapid prototyping), which produce a series of connected channels of a known diameter for mass and fluidic transport. [209] Collagen has also been used in drug delivery systems in ophthalmology, [210] as a controlling material for transdermal delivery, [137] microparticles for drug delivery, [211] tablets for protein delivery, [212] and in sponges for wounds in skin replacement. [213] In addition, collagen has been used as artificial blood vessels. Sefton and co-workers [214] [215] [216] [217] [218] have developed sub-micrometer diameter collagen gels coated with endothelial cells and have found that the constructs are nonthrombogenic in in vitro studies.
Collagen can serve as a good model system for transport in the brain. Saltzman and coworkers has used this feature to study the rate of transport of nerve growth factor (NGF) in collagen gels. [219] Mahoney and Anseth [220] have used encapsulated collagen and exogenously added a growth factor in PEG hydrogels seeded with fetal forebrain cells for improving neural cell survival and metabolic activity. Collagen gels are also being used as nerve guidance materials in the spinal cord and peripheral nervous system. [131, 140] 
Self-Assembled Peptides
Another important class of hydrogels are those made from self-assembled peptides (SAPs). [103, [221] [222] [223] Self-assembled peptides are polypeptides that assemble under specific conditions to form fibers or other kinds of nanoscale structures. [223, 224] Typically, these fibers assemble in hydrophilic environments such that they form specific structures from a variety of different assembly methods.
For example, Stupp and collaborators [224] [225] [226] [227] [228] have developed a class of self-assembled peptides made from amphiphilic molecules, which are made from a class of polypeptides linked to a polycarbon chain (Fig. 7) . The polypeptide region is typically hydrophilic while the hydrocarbon chain is hydrophobic. These polypeptides can self-assemble into rodlike shapes. This occurs partially due to the assembly of the hydrophobic regions as well as the charge shielding of the hydrophilic end groups by salts and ionic molecules in the solution. [228] A number of studies have demonstrated that amphiphilic self-assembled peptides can be used for a variety of tissue engineering applications. [103, 229, 230] These molecules can be decorated with a variety of functional units to increase cellular adhesion and allow signaling to cell surface receptors. For example, laminin and fibronectin peptide domains can be attached onto the self-assembled peptides that are made using these amphiphilic molecules. [230] Furthermore, it is possible to encapsulate molecules and allow their sustained release from hydrogels made with self-assembled peptides.
Zhang and collaborators [105, 123, 231, 232] fabricated another class of SAPs where peptides self-assembled into beta sheets that can subsequently form hydrogels. It has been demonstrated that a variety of cell types can be encapsulated within these hydrogels and that they can be used for generating three-dimensional environments for cell culture and tissue engineering applications. [105, 123] For example, it has been found that adult stem cells can be cultured within these self-assembling peptides. [132] More recently, a number of other selfassembling peptides have been generated which assemble based on similar approaches. [123] These self-assembled peptides provide a number of unique advantages, such as the ability to form gels and relatively easy gel functionalization. [232] However, these gels are typically mechanically weak, and cannot be used for tissue engineering applications that require high mechanical integrity of the resulting gel structures. The data in literature suggests that selfassembled peptides are potentially a powerful approach to generate tissuelike, engineered structures. Recently, it has been demonstrated that the controlled assembly of self-assembled peptides, along with molecules such as HA domains, can be used to form strong membranes that can potentially be useful for generating tissue engineered structures, such as blood vessels and membranes. It is envisioned that future developments in this area could be beneficial for generating artificial tissues.
Advanced Fabrication Methods
As stated before, one of the main challenges for using hydrogels for tissue engineering is to recreate the complex microarchitecture and vascularization of native tissues. [4, 94, [233] [234] [235] Recently, the use of microscale technologies has been proposed as a method of addressing a number of challenges associated with difficulties in making tissue constructs that mimic the function and appearance of tissues in the body. [15] To engineer hydrogels with microscale resolution, a number of techniques have been developed. [234] Current approaches that are used for making hydrogels with controlled features can be categorized based on the technologies used to crosslink the gel during fabrication, including approaches such as emulsification, micromolding, photolithography, and microfluidic techniques. These techniques are shown schematically in Figure 8 .
Bottom-Up Approach
To use microfabricated gels for tissue engineering, it is important to create tissue complexity within engineered tissues. [234] Hydrogel microfabrication approaches for developing tissue engineering materials can be categorized into two types, namely "bottom-up" and "top- 
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The bottom-up approach to using hydrogels for tissue engineering utilizes individual hydrogel building blocks. These hydrogel blocks can range from tens to hundreds of micrometers and typically comprise cells encapsulated within each block. This approach aims to use the concept of repeating functional units that are present in native tissues.
For example, in hepatic tissue, a repeat unit that performs much of the function of the liver is the lobule. Thus, if one can microengineer a lobule, which is a hexagonal-shaped structure, then it may be possible to duplicate a major portion of liver function. These structures can be assembled in packed beds and thus have natural tissuelike complexity and function. [234] Early work in this area was performed by Sefton and colleagues [215] in which a packed bed of collagen rods was coated with endothelial cells and encapsulated hepatocytes. In this approach, the collagen rods were packed inside a larger tube to generate a miniature liverlike structure. It was demonstrated that the presence of endothelial cells on the packed bed of collagen rods delayed blood coagulation. However, one challenge with these devices was the difficulty in generating more complex structures comprising different cell types. To address this challenge, a number of approaches have been developed. For example, it has been proposed that by using cell printers, individual building blocks made from cells and hydrogels can be deposited on top of each other in a controllable manner. [238, 241] More recently, approaches based on self-assembly or directed assembly of hydrogels have been developed. In one example, two phase reactors consisting of hydrophobic and hydrophilic components were used to assemble hydrogels of controlled shapes in a predetermined manner. [242] In this approach, it was demonstrated that lock-and-key-shaped hydrogels can be induced to assemble into defined structures by using the surface tension between the oil and the hydrogel phase as the driving force. As the hydrogel phase minimizes its interactions with the oil phase, it will self-assemble into structures that minimize overall energy. It was demonstrated that the cells within these types of structures can maintain their viability for tissue engineering applications.
Although bottom-up tissue engineering shows significant potential in addressing some major challenges in regenerative medicine, a significant number remain. One of the main challenges is the lack of appropriate ways to generate large tissues in a reproducible manner. Currently, cell and tissue printing techniques still suffer from a number of technical issues such as cell blockages within the structures. [243] Furthermore, other techniques such as the random packing or the directed assembly of microgels are still under active investigation and further work is required to determine whether they will be feasible in generating 3D tissues.
Top-Down Approach
The top-down approach is derived from attempts to create microvasculature within polymeric scaffolds. This approach makes possible the synthesis of gels for generating tissue constructs with defined structures. This can be done using a number of different systems. One variation of this approach uses laser fabrication or photolithography to generate scaffolds with controlled porosity. The scaffold porosity can be used to generate interconnected pores as in standard tissue scaffolds. Alternatively, this approach can be used to engineer capillary structures that can be used to mimic tissue vascular beds and have comparable transport characteristics. [244] [245] [246] Additionally, it has been observed that radial diffusion from a microfluidic channel in a hydrogel results in predictable cell viability as a function of distance. [244] Collagen channels have been lined with endothelial cells to mimic native vessel structures. [68] This is accomplished either by stacking layers or by rolling individual sheets to generate 3D tissue constructs with embedded vasculature. Alternative top-down approaches, such as leaching of polymeric beads or other types of porogens, can also be used to generate controlled hydrogel structures. [247] Future work in this area appears extremely promising, especially if scale-up can be improved and other microfabricated bioengineering devices (e.g., biosensors [248] and therapeutic delivery systems) can be incorporated to provide integrated solutions in regenerative medicine. [249] 
Emulsification
Emulsification has historically been used to fabricate hydrogel microspheres by putting hydrogel precursors in a hydrophobic medium (such as oil) and breaking up the hydrogel phase into small droplets by agitation. Based on the agitation conditions, the size of the microgels can be controlled. Spherical microgels made by emulsification have been used for variety of microencapsulation techniques including immunoisolation. [250, 251] In these approaches, the microgel is used to isolate transplanted cells from the host's immune system, while enabling the exchange of oxygen and nutrients as well as cell-secreted metabolic products between the hydrogel and the surrounding environment. Emulsification can be also used to encapsulate ESCs within microgels as an in vitro culture to generate more controllable environments for differentiation. [252, 253] Although emulsification is a relatively simple process, it does contain a number of potential limitations. For example, the shape of the resulting gels is usually limited to spheres, and despite the ability to control the resulting sizes, there will always be some degree of heterogeneity in the resulting spherical gels.
Molding
To enable additional control of the size and heterogeneity of gels, micromolding can be used. Micromolding is an approach through which a prefabricated mold is used to shape and then crosslink hydrogel precursors into desired forms. [178, 179, 254] The emergence of biological microelectromechanical system (Bio-MEMS) technology have led to the increased adaptation of micromolding. In these approaches, microprocessor fabrication technologies widely used in the microelectronics industry, such as lithography, etching, and deposition, have been used to fabricate micromolded hydrogels with desired features. [15, 234, 255] Micromolding has been mostly used to fabricate structures, such as heatcrosslinkable polymers including collagen, [256] agarose, [244] and gelatin [68, 257] as well as photocrosslinkable polymers (e.g., methacrylated PEG and HA [179] ). Cells have been able to remain viable inside both of these types of structures. [237, 258] One challenge with micromolding has been to fabricate harvestable microstructures from chemically crosslinkable hydrogels, such as alginate and chitosan. Although researchers have demonstrated that alginate can be micromolded, [246] the generation of small free floating alginate structures has been difficult to attain using molds from poly(dimethylsiloxane) (PDMS). To address this challenge, a technique has been developed based on micromolding of hydrogels using other gels as templates. [259] In this approach, the gel precursor is initially formed using the hydrogel mold and a crosslinking agent is then added across the mold to crosslink the resulting structures into a new gel. Using this approach, alginate and chitosan microstructures were fabricated and have shown to encapsulate cells within controlled structures.
Molding has also been used to fabricate nanoscale hydrogel structures. To do this, it is important to use molds that can dehydrate the hydrogels in regions that make contact between the mold and the substrate. This has been achieved by using fluorinated polymers that can be subsequently crosslinked to generate nanoscale molds. [260] These molds can be used to fabricate nanoscale materials with controlled shapes and sizes in a reproducible manner. [261] Interestingly, it has been demonstrated that the shape of nanoparticles can be used to regulate the targeting of drug carriers, [262] and thus the ability to control the shape of nanoscale microgels may be of clinical benefit for drug delivery.
Photolithography
Another approach to fabricate hydrogels is by photolithography. [237, 263, 264] Photolithography is a technique in which photocrosslinkable hydrogels are placed underneath a mask that controls the exposure of light to particular regions of a film of hydrogel precursors. Where the light is exposed, the photocrosslinkable hydrogel will crosslink to generate structures that are in the shape of the mask. With photolithography, structures spanning sub-micrometer-to millimeter-scale can be generated. Photolithography has been shown to be compatible with variety of polymers. [237, 263, 265, 266] As previously discussed, an area of caution with photocrosslinkable gels to create cellloaded structures is the cytotoxicity of the photoinitator and UV light exposure. A number of studies have systematically examined the effects of UV dosage, as well as photoinitiator and hydrogel precursor concentration on cell behavior. [179] More recently, the development of photocrosslinkable systems that utilize blue light for crosslinking has further advanced and improved the safety of this technology for tissue engineering applications. [58] In addition to photolithography, other methods have also been developed to generate controllable 3D shapes by focusing and scanning light. In one approach known as laser scanning lithography, focused laser light has been used to crosslink photoactive hydrophilic polymers in specific regions. [236] By using similar approaches, it is possible to build complex tissue scaffolds one layer at a time. [267] Furthermore, it is possible to use focused light to conjugate bioactive molecules within prefabricated gels. [268] Such an approach has been used to pattern photoactive RGD peptides within agarose gels to generate adhesive pathways that enabled directed cell migration into gels.
Microfluidics
A final method to create microscale structures from hydrogels is by using microfluidics. A variety of approaches have been recently used to create microscale hydrogels by creating single or multi-phase flows within microfluidic channels. Often, hydrogel precursors and cells flow through a microchannel that controls the resulting shape of the generated hydrogel. [269] [270] [271] By layering these cell-laden microgels on each other, intricate 3D structures have been generated, in which multiple cell types can be patterned relative to each other to recreate tissuelike complexity. Also, the ability to generate distinct fluidic features, such as concentration gradients, has been used to generate materials with spatially distinct features. [272] For example, microfluidic generators have been used to create hydrogels with concentration gradients of bioactive molecules [100] or substrate elasticities. [273] Additionally, two-phase systems composed of hydrophilic droplets in a hydrophobic medium are used to generate hydrogel droplets with controllable physical properties. As the hydrogel precursor suspension flows through the channel, exposure to a crosslinking agent forms a gel.
Finally, the ability to integrate approaches such as microfluidics and photolithography has been used to engineer unique hydrogels. In one example, microfluidic channels were used to generate microengineered hydrogels using processes in which a stream of gel precursors was exposed to light that passed through a mask and was focused with a microscope. [274] As the fluid is exposed to the light, the hydrogel will crosslink to form microgels that will be subsequently collected at the microchannel outlet. By using this process, it is possible to encapsulate cells in hydrogels of carefully controlled shapes. [275] 
Concluding Remarks
Hydrogels are fundamentally biocompatible due to their hydrophilicity and intrinsic similarity to our own anatomical framework or ECM. They are highly customizable as 3D networks, with a very large selection of available constituents, synthesis techniques, and fabrication methodologies. For these reasons, hydrogels have been used extensively in many biological and clinical applications, including drug delivery and tissue engineering.
In this review, we have attempted to give the necessary fundamentals of hydrogel properties, synthesis, and fabrication options to illustrate what is really achievable from a materials standpoint. We have also attempted to define the corresponding uses of hydrogels in tissue engineering, or regenerative medicine in the larger sense, by covering the most essential concepts and recent discoveries currently driving this highly multidisciplinary field.
Future advances in tissue engineering, as well as in related fields, will require thoughtful integration to ensure regenerative medicine lives up to its true clinical potential. Johnson et al. [276] systematically identified the strategic directions for tissue engineering in 2007. According to their findings, particular focus in stem cell science, angiogenesis, and molecular biology are among the most important areas where increased attention may help guide the most significant leaps to come. We further suggest that the inclusion of 'intelligence' or self-guided features should emerge in materials for regenerative medicine. Eventually, functional flexibility for dynamic biological demands can be incorporated into tissue constructs and thus enhance the integration of the surrounding tissues and the tissue cultures. Additionally, greater attention to microfabrication techniques should continue so that organlike complexity in engineered tissues becomes a reality. Three reaction schemes that can be used to make synthetic hydrogels from hydrophilic macromers. A) A diacrylate macromer undergoes free radical polymerization. B) A thiol and acrylate group undergo conjugate addition to crosslink two macromers. C) A pendant alkyne and azide 'click' together to crosslink two macromers via a 1,2,3-triazole group.
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[b] PLLA = poly(L-lactic acid).
